This paper reports on advances in optical coherence tomography (OCT) for application in dermatology. Full-field OCT is a particular approach of OCT based on white-light interference microscopy. FF-OCT produces en face tomographic images by arithmetic combination of interferometric images acquired with an area camera and by illuminating the whole field of view with low-coherence light. The major interest of FF-OCT lies in its high imaging spatial resolution (∼ 1.0 µm) in both lateral and axial directions, using a simple and robust experimental arrangement. Line-field OCT (LF-OCT) is a recent evolution of FF-OCT with line illumination and line detection using a broadband spatially coherent light source and a line-scan camera in an interference microscope. LF-OCT and FF-OCT are similar in terms of spatial resolution. LF-OCT has a significant advantage over FF-OCT in terms of imaging penetration depth due to the confocal gate achieved by line illumination and detection. B-scan imaging using FF-OCT requires the acquisition of a stack of en face images, which usually prevents in vivo applications. B-scan imaging using LF-OCT can be considerably faster due to the possibility of using a spatially coherent light source with much higher brightness along with a high-speed line camera. Applied in the field of dermatology, the LF-OCT images reveal a comprehensive morphological mapping of skin tissues in vivo at a cellular level similar to histological images.
INTRODUCTION
Skin cancer is the most common form of all human cancers 1, 2 . Recent studies show the number of skin cancer cases growing at an alarming rate 3 . In addition to causing illness and death, skin cancer is a huge economic burden. Early detection is likely the most promising way to reduce morbidity and mortality. The standard of care procedure for the detection of skin cancer involves visual examination of the superficial structures of the skin using a dermatoscope [4] [5] [6] . The clinical and dermoscopic evaluation of skin lesions is then followed by a biopsy, which is a surgical removal of a tissue sample in order to examine it at the cellular-level using an optical microscope. In this procedure, nearly 60% of all skin biopsies result in benign diagnoses 2 . However, approximately 20% of skin cancers, including roughly a third of all melanomas, are missed 3 . Given this challenge, improved diagnostic modalities using noninvasive imaging techniques have been developed to provide earlier, more accurate detection of suspicious lesions, thereby decreasing the false positive rates of dermoscopy and thereby the rate of unnecessary biopsies 7 . The clinically available techniques capable of in vivo skin imaging with the highest spatial resolution are reflectance confocal microscopy, nonlinear optical microscopy, and optical coherence tomography 8, 9 .
Reflectance confocal microscopy (RCM) is an optical imaging technique that allows the analysis of the skin with a nearly histological resolution (∼ 1 µm), i.e. at a cellular level [10] [11] [12] [13] . Similar to dermoscopy images, real-time images obtained by RCM are oriented horizontal to the skin surface (en face sections). RCM has been applied in the clinical arena for the diagnosis of melanocytic and nonmelanocytic lesions where it has been proven to increase the diagnostic accuracy when coupled with dermoscopy 10, 11 . Beyond its application in skin oncology, RCM can be useful to delineate indications for inflammatory and infectious skin conditions. The main limitation of RCM is its relatively low penetration in skin because of strong light scattering. A penetration depth of ∼ 200 µm can be achieved, which is not sufficient to image in the dermis 8 . Also problematic is the fact that RCM sections are oriented perpendicular to conventional histological sections, making them difficult to interpret. *arnaud.dubois@institutoptique.fr
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Nonlinear optical microscopy is a high-resolution imaging modality based on nonlinear interactions of light with biological tissues 14 . Compared with optical coherence tomography (OCT), nonlinear microscopy offers a better spatial resolution, similar to that of RCM. Advances in developing multiphoton excitation microscopes with novel contrast mechanisms, such as second harmonic generation, further allow visualization of skin morphology and function 15 . Key limitations of nonlinear optical microscopy are the orientation of the images (en face sections, like RCM), the small field of view (350 µm × 350 µm with the DermaInspect device, Jenlab), and the relatively weak penetration in skin (∼ 200 µm).
Optical coherence tomography (OCT) is an interferometric imaging modality initially introduced in the clinical field of ophthalmology 16 . The first use of OCT in dermatology was demonstrated in 1997 17 and since several manufacturers of OCT systems have made OCT imaging for dermatology purposes commercially available 18 . OCT can create in vivo cross-sectional and/or en face images of skin with an axial resolution of 3-5 µm and a lateral resolution of 3-8 µm 18 . The penetration depth of OCT is ∼ 1 mm. The possibility to evaluate OCT images in a cross-sectional view (perpendicular to the skin surface) makes them easier to compare with histology sections. Compared with RCM and nonlinear optical microscopy, OCT has a larger lateral field of view, ranging from 2 to 10 mm. The biggest potential of OCT in dermatology has thus far been in the diagnosis, delineation, and treatment of non-melanoma skin cancers, especially basal cell carcinomas. Pigmented lesions, on the other hand, continue to pose great challenges in OCT imaging, mainly because of an insufficient imaging spatial resolution [19] [20] [21] [22] .
OPTICAL COHERENCE TOMOGRAPHY

Time-domain and frequency-domain OCT
Two main categories of OCT can be distinguished: time-domain OCT (TD-OCT) and frequency-domain OCT (FD-OCT) 23 . In TD-OCT, the sample reflectivity profile as a function of depth is acquired point-by-point by scanning the depth in the sample (A-scan). In FD-OCT, the sample reflectivity profile as a function of depth is acquired without scanning the depth, by measuring the spectrum of the interferometric signal. In both TD-OCT and FD-OCT, a B-scan image is then obtained by lateral scanning of the light beam to acquire several adjacent A-scans.
The axial (depth) resolution in OCT is essentially governed by the temporal coherence of the detected light Improvement of the axial resolution in OCT has been obtained by the emergence of efficient broadband light sources. Outstanding axial resolutions of ~1 µm have been achieved in particular with mode-locked lasers 3 and more recently with supercontinuum laser sources 24, 25 . FD-OCT is superior to TD-OCT in terms of acquisition rate and detection sensitivity 27 , but presents shortcomings, including a limited lateral resolution 23 . Because all points along the depth range in the sample need to be in focus simultaneously, a depth of focus (DOF) at least equal to the depth range is needed, which limits the beam focusing. Several approaches have been reported to improve the lateral resolution in FD-OCT, including extending the DOF by illuminating the sample with a Bessel beam [28] [29] [30] or by using appropriate phase masks 31 . Computational imaging solutions have also been proposed, including interferometric synthetic aperture microscopy 32 and digital refocusing 33, 34 . An alternative approach consists of combining several B-scan images acquired at different depths over a reduced DOF with higher lateral resolution. This approach has been implemented using the Gabor-based fusion method 35 . It can also be appplied by focusing several light beams at different depths 36 . The latter approach, implemented in the Vivosight FD-OCT device (Michelson Diagnostics) for skin imaging, yields a lateral resolution of 7 µm 36 .
Unlike FD-OCT, TD-OCT offers the possibility of adjusting the focus as a function of depth, which makes TD-OCT more appropriate to produce high-resolution images. Dynamic focus tracking in TD-OCT with free-space optics has been reported, but the tracking rate was slow 37 . A microelectromechanical systems (MEMS) mirror was designed for highspeed dynamic focus tracking, but without demonstration of the imaging capability in vivo 38 . Another approach consists of acquiring a sequence of images by gradually shifting the focus onto the sample and then fusing together the in-focus imaging zones 24 . This process results in a trade-off between lateral resolution and image acquisition speed. Another method is to collect multiple foci simultaneously with a multifocus fiber tip array 39 . Despite these advances, however, TD-OCT imaging at high lateral resolution using dynamic focusing remains challenging since a high tracking speed is required. 
Full-field OCT
Full-field optical coherence tomography (FF-OCT), also often referred to as full-field optical coherence microscopy (FF-OCM), was introduced a few years ago as an alternative to conventional TD-OCT [40] [41] [42] . FF-OCT uses an interference microscope and an area camera combined with a low coherence illumination source. En face tomographic images are obtained without lateral scanning. FF-OCT has been applied to high resolution (reaching ~ 1.0µm at ∼ 700 nm center wavelength) non-invasive three-dimensional imaging of various semi-transparent samples 43, 44 . Figure 1 . Experimental setup of full-field OCT, based on white-light interference microscopy. The prototype is based on a Michelson interferometer with a microscope objective in each arm (Linnik-type interference microscope). The skin tissue is full-field illuminated using a broadband light emitting diode (LED). The interferometric signal is detected by an area camera. The whole interferometer is displaced to scan the depth in the tissue. Tomographic images of the backscattering skin microstructures are obtained by digital extraction of the interference fringe envelope.
The experimental arrangement of conventional FF-OCT is based on a white-light interference microscope. Several configurations of interference microscopes can be used in FF-OCT. The most common configuration is the Linnik configuration 40 because its offers high flexibility and control. A scheme of the typical FF-OCT experimental setup is shown in Figure 1 . It consists of a Michelson-type interferometer with a microscope objective placed in each arm. A halogen lamp or a broadband light emitting diode (LED) provides uniform illumination of the microscope objective fields with low coherence light. A low reflectivity mirror (reflectivity < 5 %) is placed in the reference arm of the interferometer in the focal plane of the microscope objective. An area camera acquires the interferometric images delivered by the microscope. Immersion microscope objectives are employed to minimize the mismatch between the coherence plane and the objective focal plane and to minimize the mismatch of optical dispersion in the interferometer arms, as the imaging depth in the sample increases 45 . The use of an immersion medium also reduces light reflection at the sample surface. A motorized translation stage is used to translate the sample relatively to the microscope in the axial direction to scan the depth in the sample.
The signal in FF-OCT -the amplitude of the acquired interferometric signal, i.e. the fringe envelope -is obtained by phase-shifting interferometry, a well-established method for phase measurements that can also be applied for measuring the amplitude of the interferometric signal [38] [39] [40] . The method consists of introducing a time-modulation of the relative phase between the reference and sample waves and the acquiring of several interferometric images. In most FF-OCT systems, en face tomographic images are produced by an arithmetic combination of four interferometric images using a four-frame phase-shifting algorithm 42 . The phase-shift is generated either by the displacement of the reference mirror attached to a piezoelectric actuator or by the scan of the depth in the sample. Each tomographic image corresponds to an image of the reflecting/backscattering structures of the sample located in a "slice", perpendicular to the optical axis (en face image). The width of this "slice", equal to the temporal coherence length of the detected light, defines the axial Epidermis Dermis imaging resolution. The tomographic images can be produced at a maximum rate equal to a fraction of the camera frame rate (depending on the number of frames required in the phase-shifting algorithm, i.e. usually a quarter of the camera frame rate). However, in practice it is necessary to accumulate several interferometric images to improve the detection sensitivity. The en face tomographic images are then produced at a frequency on the order of a few Hertz. B-scan imaging using FF-OCT requires the acquisition of a stack of en face images, which may take several seconds. B-scan imaging using FF-OCT is usually not applicable to in vivo studies.
Line-field OCT
Line-field optical coherence tomography (LF-OCT) is an evolution of FF-OCT with line illumination and line detection. LF-OCT can be seen as a parallelization of TD-OCT. Since multiple A-scans are acquired in parallel using a line camera, only one scan (depth-scan) is required to produce a B-scan image. The scan of the depth can thus be slower compared to conventional TD-OCT, without increasing the image acquisition time, which makes dynamic focusing easier. Moreover, line illumination and detection, combined with the use of microscope objectives with relatively high numerical aperture (NA), provides a confocal gate, which minimizes the amount of unwanted scattered light that may be detected by the camera. In LF-OCT, the amount of light incident onto the photodetector, that does not contribute to the interference is thus significantly reduced compared to FF-OCT 46 . This confers to LF-OCT a significant advantage over FF-OCT in terms of imaging penetration depth. LF-OCT is thus similar to FD-OCT in terms of imaging penetration in scattering tissues such as skin. Moreover, B-scan imaging can be considerably faster with LF-OCT compared to FF-OCT due to the possibility of using a spatially coherent light source with much higher brightness along with a high-speed line camera.
In our LF-OCT prototype, the acquired interferometric data are processed using a Fourier transform method to generate intensity-based tomographic images. The calculations are performed with a field-programmable gate array (FPGA) to optimize the operation speed. B-scan images, after being appropriately rescaled, are displayed in real-time (10 frame/s). By using a supercontinuum laser as the light source and balancing the optical dispersion in the interferometer arms, the axial resolution of LF-OCT images is comparable to the best axial resolution achieved by OCT at ∼ 800 nm center wavelength. An isotropic spatial resolution of ∼ 1 μm is achieved using microscope objectives of NA = 0.5 (similar to FF-OCT). Applied in the field of dermatology, the LF-OCT images reveal a comprehensive morphological mapping of skin tissues at a cellular level similar to histological images, in vivo (see Figure 2) . Figure 2 . LF-OCT images of healthy human skin (phototype 2) on the back of the hand. SC: stratum corneum layer; SG: stratum granulosum layer with stretch nuclei; SS: stratum spinosum layer with roundish nuclei; BV: blood vessel; KN: keratinocytes nucleus; DEJ: dermal-epidermal junction; H: hair.
CONCLUSION
LF-OCT provides images that are close to histological images in terms of spatial resolution and orientation. The technique has been developed by the startup company DAMAE Medical, leading in 2016 to OCTAV®, a prototype device for research applications. Images of skin lesions generated by OCTAV® have been enthusiastically received by leading dermatologists from around the world. A portable version of the technology is currently under development. Clinical trials are under way at St-Etienne University hospital to establish the medical interest of this imaging technology in dermatology.
